INTRODUCTION
Polymeric nanomaterials are materials ranging from 1-1000 nm in size in at least one dimension and are associated with having a larger surface area than their larger-scale material cousins. Their peculiar nanosized structure confers different properties to the nanomaterials in comparison to bulk polymers. The main advantages of polymeric nanomaterials are that they can be designed with a variety of compositions, sizes and possible morphologies, surface chemistries, and surface topographies [1] . In recent years, polymeric nanomaterials have attracted increased attention as they can be developed to exhibit a variety of unique properties for a wide range of applications to meet market needs. Indeed, if recent trends continue, polymeric nanomaterials will emerge as the fastest growing domain in the near future [2] .
Biodegradable polymers contain functional groups that may be cleaved in vivo leading to the fragmentation of the polymeric chains and therefore to their solubilisation. Biodegradable polymeric materials are used when it is necessary for a medical device to degrade over the time and these materials must fulfil some prerequisites to be considered useful for such purposes: do not impart inflammatory or toxic responses upon implantation, have an acceptable shelf life, possess a degradation rate in physiological conditions in accordance with the intended application, have appropriate initial mechanical properties with pertinent variations over the material degradation period, generate non-toxic degradation products that may be metabolised and cleared from the body, and have appropriate processability and sterisability for the intended application [3] .
Biodegradable nanomaterials can be divided into four categories: spheres, hydrogels, micelles and fibres. They have been employed for a wide variety of applications in the biomedical field such as drug or biomolecular delivery systems, vaccines, scaffolds for tissue engineering and even wound dressings [4, 5] . As biodegradable nanoparticles are digested internally and cleared from the body, they are often chosen over their non-biodegradable counterparts. Moreover, their application for the delivery of drugs and bioactive molecules has been shown to improve the bioavailability, the solubility and the retention time of the encapsulated systems. Indeed, with non-biodegradable drug carriers, the release of therapeutic agents may be poor due to their high molecular weights which can impede diffusion through the polymer matrix. Furthermore, when using biodegradable systems, the interaction with the biological environment is also increased leading to better tissue absorption and intracellular penetration. Therefore, the comparative therapeutic index is increased with enhanced tolerability and low toxicity risks [6] . In tissue engineering applications, scaffolds based on biodegradable nanofibres offer several advantages, such as a large surface area-to-volume ratio, high and tunable porosity, malleability to facilitate a wide variety of shapes, superior mechanical properties compared to regular fibres, and finally high axial strength combined with high flexibility. Moreover, their morphologies closely match the architecture of natural tissue extracellular matrix, since nanofibres possess the same dimensions as collagen or cellular cytoskeleton fibres. Therefore, nanofibre-based scaffolds enhance biological activity resulting in better cell attachment, proliferation and maintenance of phenotypic expression [7] .
The first section of this chapter presents a background of the biodegradable polymers used in medical applications. Then, the development of nanofibres and nanofibrous scaffolds as well as nanoparticles, with a view to medical applications, is explored. Finally, the surface modifications applied to such nanomaterials are covered in more detail.
BIODEGRADABLE POLYMERS
Biodegradable polymers are divided into two categories. Synthetic degradable polymers have the advantage of not presenting immunogenicity, being synthesised with reliable sources, and being manufactured to obtain predictable properties. They mostly degrade hydrolytically since they contain hydrolytically labile chemical bonds in their backbone. Their degradation rates are influenced by the polymer molecular weight, morphology, crystallinity, as well as the device size and shape [8] . Natural polymers share similar traits with extracellular matrix polysaccharides or proteins. They can be recognised by the biological environment, may avoid toxicity issues, and may aid in the attachment, proliferation and differentiation of cells since they contain biofunctional molecules. However, natural polymers are complex and are difficult to purify and characterise, which in-turn makes them difficult to obtain as uniform raw materials. Moreover, natural polymers are enzymatically degraded and their degradation rates, ranging from a few hours to 6 months, are not easily controlled since enzymatic activity can differ between hosts [9] . The chemical structures of some biodegradable polymers, both natural and synthetic, that are widely used to develop nanomaterials are given in Figure 1 . 
Aliphatic polyesters
Aliphatic polyesters, such as polyglycolide (PGA), polylactide (PLA), their copolymers poly(D,L-lactide-co-glycolide) (PLGA), and poly(ε-caprolactone) (PCL), etc., have been widely used for biomedical applications due to their diversity, synthetic versatility, and ease of degradation [3] . They are generally synthesised at high temperatures by ring-opening polymerisation of the corresponding cyclic monomers. They degrade by hydrolysis of the ester linkages along the backbone producing biodegradable metabolite monomers that can be resorbed via metabolic pathways. Their degradation kinetics depend on various factors such as the polymer nature, the monomeric composition, molecular weight, conformation, and physicochemical characteristics [10] .
PGA is a highly crystalline polymer that exhibits high melting and glass transition temperatures (Tm = 225-233 °C, Tg = 35-45 °C). It degrades fairly rapidly in vivo (1-12 months) and its degradation results in the production of glycolic acid that, at high concentrations, lowers the pH of the surrounding tissue and may cause inflammation [9] . PLA is a relatively hard semi--crystalline polymer poly(L-lactide) (PLLA) with a high melting temperature (Tm = 170 [11] . Consequently, PLGA made of various compositions of D,L-lactide and glycolide monomers, is one of the most successfully used biodegradable polymers in the development of nanomaterials [6] . Indeed, the mechanical properties and the degradation times can be modulated with the lactide/glycolide ratio. Moreover, PLGA degrades into lactic acid and glycolic acid that are metabolised by the body through the Krebs cycle. As a consequence, the use of PLGA nanosystems is associated with minimal systemic toxicity [12] . The US Food and Drug Administration (USFDA) have approved the use of PLGA for human use and nanomedicines. PLGA is soluble in a wide range of solvents and various therapeutic agents have been successfully encapsulated into or adsorbed onto PLGA nanoparticles [6] .
PCL is a semi-crystalline polyester with a low glass transition temperature that makes it semi-rigid at room temperature (Tm = 58-65 °C, Tg = −65 to −60 °C). Therefore, PCL may be processed to obtain various shapes, such as spheres, fibres, porous materials, etc., as PCL shows good organic solvent solubility and an innate malleability. Moreover, PCL may be compatibly blended with a wide range of other polymers and is also used as a soft block in polyurethane formulations [13] . PCL degrades slowly (2-3 years) in comparison with the other polyesters and is especially interesting for the preparation of long-term drug delivery systems, such as one-year implantable contraceptives [14] . PCL degrades by hydrolysis leading to low-concentrations of caproic acid that does not cause significant negative reactions in the surrounding tissues, and is completely metabolised since caproic acid enters the citric acid cycle. PCL also degrades through enzymatic attack. The bioactivity of PCL is well documented and it is approved by the USFDA for the formulation of nanoparticles [15, 16] . Various molecules have been successfully incorporated into PCL nanoparticles/nanofibres to increase their therapeutic value [6] . PCL-based nanofibres have also widely been developed as scaffolds for tissue engineering [16, 17] .
Poly(3-hydroxybutyrate) (PHB) is the simplest member of the poly(3--hydroxyalkanoate) family. This natural polyester can be produced biotechnologically leading to a high semi-crystalline polymer (Tm = 168-182 °C, Tg = 1-15 °C). PHB could be used for various applications in the biomedical field due to its biocompatibility and biodegradability, as well as the non-cytotoxicity of its metabolic products [18] . Indeed, PHB degradation leads to D-(−)-3-hydroxy-butyric acid, which is a normal constituent of blood. Although PHB possesses a chemical structure very similar to the synthetic biodegradable polyesters, it degrades very slowly due to its high crystallinity. Therefore, PHB nanoparticles present great potential as depot devices [19] . To reduce its crystallinity and result in materials with better processability, as well as to increase its degradation rate, PHB is often copolymerised with 3-hydroxyvaleric acid (HV). PHB and P(HB-HV) may find applications as tissue engineering scaffolds and drug delivery nanoparticles [20] .
Other synthetic biodegradable polymers
Polyanhydrides are the most widely investigated biodegradable polymers. Indeed, anhydride bonds (CO-O-CO) are highly sensitive and degrade through hydrolysis into corresponding dicarboxylic acids. The degradation occurs by a surface erosion mechanism, which allows for the release of encapsulated drugs at constant and slow rates. Furthermore, the chemical composition of polyanhydrides can be customised to develop materials with a wide range of degradation kinetics. Aliphatic linear polyanhydrides degrade within a few days, while polyanhydrides containing aromatic groups take longer to degrade, as much as a year [21] . As a consequence, it is possible to control the drug release rate as well as the release pattern. Moreover, polyanhydrides possess a hydrophobic backbone that prevents water penetration which protects the encapsulated drugs from hydrolysis [22] .
Aliphatic polycarbonates, such as poly(trimethylene carbonate) (PTMC), are elastomeric polymers with excellent flexibility and softness that make them easy to process. Moreover, sensitive drugs can be encapsulated into polycarbonate-based nanoparticles under mild conditions. PTMC degrades slowly (> 1 year) by surface erosion and advantageously does not produce acidic degradation products. Indeed, PTMC degradation leads to 1,3-propanediol and carbonic acid [13] . PTMC is generally copolymerised with other cyclic lactones and some of the copolymers have been commercialised and are approved by the USFDA for clinical applications [23] .
Polyphosphazenes are hybrid organic-inorganic polymers that contain a phosphorus-nitrogen backbone and organic or organometallic side groups that are attached to the phosphorus atoms, which dictate the polymer properties. A huge selection of substituents may be easily introduced by common organic chemistry and the inorganic backbone can degrade by hydrolysis with rates ranging from a few hours to years, depending on the side groups. The degradation leads to neutral products and may have a pH buffering effect when combined with polyesters [24] . Polyphosphazenes are flexible polymers with good processability and they may participate in noncovalent bonding which in-turn may create new interfacial interactions with biological systems. Consequently, the unique structural diversity of biodegradable polyphosphazenes associated with their potential multifunctionality should allow for the design of nanomaterials with superior biological characteristics [25] . Polyphosphazenes-based nanofibres and nanoparticles show significant promise in drug delivery and tissue engineering applications. Interestingly, organometallic derivatives of polyphosphazenes combine the electronic properties associated with the transition metal anchored to the side groups and the processing advantages of organic polymers. Polyphosphazenes may also be used as coatings on hydrophilic superparamagnetic nanoparticles in order to enhance their water dispersibility and colloidal and chemical stability [26] .
Other synthetic biodegradable polymers are also susceptible to hydrolysis. Poly(ortho esters), poly(p-dioxanone), poly(propylene fumarate), and poly(ester urethanes) have been used on their own and as copolymers in biomedical applications [27] .
Polysaccharides
Polysaccharides are found in numerous organisms, such as in mammals, insects, marine organisms and plants. They are the homopolymers or copolymers of monosaccharides, and are very diverse in their chemical structure and composition, molecular weight, and ionic character, leading to various biological activities. Polysaccharides have been widely used in biomedical applications since they are non-toxic, possess a high content of functional groups that can be easily chemically modified, and have excellent properties. Polysaccharide-based biomaterials can be designed as self-assembled micelles, cross-linked nanogels, and fibrous meshes. Accordingly, they are employed for various nanomedicine applications such as in drug delivery carriers, biosensors and tissue engineering scaffolds [28] .
Chitosan is a modified polymer prepared by the partial N-deacetylation of chitin, which is one of the most abundant natural polymers and found in the exoskeletons of insects and arthropods. Its chemical and physical properties depend on its molecular weight, degree of deacetylation, and the distribution of the acetyl groups in the backbone. Chitosan is easier to develop as a biomaterial than chitin due to its better solubility in water and organic solvents. Chitosan is a cationic polymer that possesses polyelectrolyte behaviour and may complex with various negatively-charged biomolecules which enhances its biological activity and makes it a very effective mucoadhesive. Furthermore, it is capable of chelating various metal ions [7] . The structure of chitosan is similar to glycosaminoglycans present in the human body, and it has been shown to elicit a minimal foreign body response and to have a stimulatory influence on immune cells, which may stimulate wound healing processes [3] . Moreover, the cationic structure of chitosan also confers antimicrobial properties, cellular binding capabilities, hemostatic properties, as well as anti-bacterial and anti-fungal properties [29] . Lysozyme and chitosanase degrade chitosan into glucosamine and the in vivo degradation rates range from between weeks to 6 months, depending on the degree of deacetylation [30] .
Alginates are unbranched copolymers of β-D-mannuronic acid (M) and α-L-guluronic acid (G), existing as mixed salts of calcium, magnesium, sodium and potassium. They are found in brown algae and their physicochemical properties depend on the proportion and the distribution of M and G monomers which are intrinsically linked to the source origin [31] . Alginates do not enzymatically degrade in vivo since alginate lyases are found in algae and marine microorganisms, and they do not possess bioactive sequences which may be recognised by cells [30] . However, alginates are abundant and are relatively low in cost. They show excellent biocompatibility, low toxicity, and non-immunogenicity. They also possess high functionality and they may easily form hydrogels through simple gelation with divalent cations [29] . Moreover, alginates can electrostatically interact with oppositely charged chitosan and poly(L-lysine) to develop hydrophilic nanocarriers with high potential as vectors in biomedical and pharmaceutical applications [32, 33] .
Dextran is produced from sucrose through bacteria or yeast fermentation. It consists essentially of α-1,6 linked glucopyranoside residues with a small percentage of α-1,3 linked residues. The length and arrangement of branches differ depending on the enzyme's bacterial source. Dextran is cleaved by microbial dextranases and slowly degrades in comparison with other polysaccharides. Due to its high content of hydroxylic groups, dextran may be easily functionalised [34] . Additionally, it is a natural analogue of poly(ethylene glycol) (PEG) and therefore dextran derivatives are used in a wide range of biomedical applications because of their excellent solubility in aqueous solutions, biocompatibility and nonfouling properties. Dextran-based hydrogels can also be formed by physical or chemical crosslinking. Recently, dextran-based nanogels have been developed to act as cell tracking probes for advanced in vivo imaging techniques [35] .
Glycosaminoglycans
Glycosaminoglycans are linear, anionic, naturally occurring polysaccharides primarily composed of glucuronic acid, iduronic acid and N-acetylgalactosamine with variable sulfation patterns, which is critical for biological activities. Indeed, the sulfation content plays a major role in glycosaminoglycan-protein binding. As the synthetic development of glycopolymers with high reproducibility and yield has yet to be achieved, the use of natural glycosaminoglycans is of interest for the design of bioactive biomaterials. Heparin is one of the most studied glycosaminoglycans due to its high negative charge density which can be attributed to the presence of approximately 2.7 sulfate groups per disaccharide unit. Such high negative charge density enables interactions with several proteins. Heparin has mainly been used as a surface coating to functionalise a variety of nanomaterials [36] .
Hyaluronic acid (HA) is the most commonly used carbohydrate-based natural polymer in tissue engineering. It is composed of D-glucuronic acid and N-acetyl-D-glucosamine. HA is the only non-sulfated glycosaminoglycan and in contrast to other glycosaminoglycans, it does not covalently bond to proteins. HA is synthesised at the inner wall of the plasma membrane and is present in the extracellular matrix, connective tissues and synovial fluids. It is the most abundant natural polymer present in the human body and more than 50 % is found in the skin, lung and intestine. Commercial HA is produced from animal tissues and microbial fermentations [37] . HA can be obtained in a wide range of molecular weights, up to 10 7 g mol -1 , which allows HA to assume a variety of roles within the body. Indeed, high-molecular-weight HA is considered anti-angiogenic and non-immunogenic and plays a role in maintaining cell integrity, while low-molecular-weight HA is considered inflammatory, immuno-stimulatory and angiogenic and induces receptor-mediated intracellular signalling. In vivo, HA is enzymatically degraded by hyaluronidase, β-D-glucuronidase, and β-N-acetyl-hexosaminidase at a high degradation rate (from hours to 1 month). HA degradation leads to glucuronic acid and N-acetylglucosamine, which are finally metabolised to carbon dioxide, water and urea [30, 38] . Because of its excellent biocompatibility and physicochemical properties, HA has been widely used in wound dressings, drug delivery applications and for tissue engineering including cartilage, liver, vascular, dermal, ophthalmic and nerve repair or regeneration. However, the commercially available HA homopolymer is too mechanically weak to be used as a supportive scaffold and its half-life is too short for long-term clinical applications. As a consequence, HA is often chemically modified or cross-linked to allow for the development of nanofibres, nanogels or self-assembled nanoparticles [29, 37, 39] . Moreover, it was demonstrated that when sulfur--modified, HA shows a higher binding affinity to growth factors than heparin [36] .
Proteins
Proteins are essentially high-molecular-weight amino acid polymers arranged in a three-dimensional folded structure that are naturally degraded by a wide range of proteases. Proteins display a wide range of biological functions in nature which has motivated a significant amount of interest in the development of protein-based biomaterials. Collagen accounts for about a fourth of the total protein content of the human body. It is a fibrous protein that maintains the structural integrity of the extracellular matrix in tissues. Its primary structure is a polypeptide chain composed of repeating triplets of glycine-X-Y, where X and Y are typically proline and hydroxyproline. There are 28 types of collagen molecules and collagen type I (present in the skin, tendons and bones), represents 90 % of all collagen types [40] . Collagen-based nanofibres have been applied for wound dressings and preliminary vascular tissue engineering. However, commercial sources of collagen type I are generally derived from rat tail, bovine dermis, or human placenta. Therefore, recombinant systems have been developed due to the risks associated with infectious disease transmission from allogenic or xenogenic materials, the potential for immunogenicity, as well as the high cost of purification, quality concerns, and product homogeneity for mass production [30] .
Gelatin is obtained by the denaturation and physicochemical degradation of collagen and its properties depend on the production process. Gelatin consists of 19 amino acids and is arranged in single-stranded molecules. It possesses similar hemostatic properties to its collagen precursor and is enzymatically degraded by collagenases [41] . Gelatin is soluble in aqueous solutions; however it possesses cationic and anionic groups coupled with strong hydrogen binding ability, which can make fibre-forming a challenge. Many molecules have been successfully encapsulated into gelatin-based nanoparticles, and the mechanical stability of nanofibre-based scaffolds may be enhanced by chemical crosslinking with various agents [6, 40] .
Silk is a natural protein mainly produced by silkworms and spiders. Silk fibre possesses a crystallised and compact structure consisting of hydrophobic fibroin as the core protein coated by hydrophilic sericin, which maintains the physical structure of fibroin. The presence of sericin is the main concern in terms of usefulness for biomedical applications, since it is associated with hypersensitivity reactions and poor biocompatibility. When sericin is removed, or absent, like in silk fibres from spiders, the immune response is similar to that of other biomaterials [30] . Fibroin is highly biocompatible, biodegradable, induces a limited inflammatory response, and possesses excellent mechanical properties. Moreover, silk-based biomaterials have high thermal stability over a wide range of temperatures (up to 250 °C) and therefore they can be sterilised by autoclave. Silk degradation occurs through enzymatic proteolysis from enzymes such as chymotrypsin, actinase, and carboxylase. The degradation rate in vivo can be tailored from months to years based on many factors, such as the silk processing conditions and the physical characteristics of the material. Silk-based biomaterials have been widely processed as nanofibre-based scaffolds for tissue engineering applications and wound dressings [40, 42] .
POLYMERIC NANOFIBRES AND NANOFIBROUS SCAFFOLDS
Polymeric nanofibres have been developed for a variety of applications. In the medical field, the market of nanofibre-based materials is very nascent and therefore research in this area is rapidly expanding [43] . The potential medical applications are in the development of scaffolds for tissue engineering, carriers of bioactive compounds and cells, and in wound dressings. Additionally, in-terms of positively promoting cell-polymeric matrix interactions, the high surface area of the nanostructured, nanofibrous scaffolds allows for oxygen permeability and provides sufficient space for nutrient and waste exchange [44] . Moreover, in wound dressings, fluid accumulation at the wound site is limited and the material pore size prevents bacterial penetration. When used as carriers, nanofibrous materials may offer site-specific delivery of multiple drugs, genes and growth factors. Furthermore, their morphology and porosity can be modulated to control the molecule release profile [45] . Finally, the nanofibre-based scaffold surface can easily be functionalised by chemical or physical methods in order to carry various functionalities.
Fabrication
As illustrated in Figure 2 , three main techniques are used to fabricate nanofibres based on biodegradable polymers: electrospinning, thermally--induced phase separation and self-assembly. Among the three, electrospinning is the most widely studied technique. It is a simple, cost-effective, robust, and versatile process capable of producing polymeric fibres from a variety of polymer melts and solutions, with nanoscale diameters ranging from 50-1000 nm or greater. The electrospinning setup includes a high voltage power supply between a polymer solution or melt reservoir and a grounded collector (Figure 2 ). Due to the electric field, the polymer solution surface at the end of the spinneret is electrically charged, with even charge distribution over the surface. Under the influence of electrostatic interactions, an increase in the electrical potential leads to a drop distortion into a so-called "Taylor cone". When the applied electric field reaches a critical value, the repulsive electrical forces overcome the surface tension forces and a jet is ejected continuously from the tip of the Taylor cone. Eventually, the electrified jet is attracted by the grounded collectors of opposite polarity placed under the spinneret. The space between the spinneret tip and the collector allows for solvent evaporation and therefore a solid polymeric non-woven fibrous matrix is deposited on the surface of the collector [46] . Conventional electrospinning produces randomly oriented nanofibres; however, aligned electrospun fibres (uniaxially aligned, radially aligned or in a wavy form) can also be obtained when using rotating and dual collectors or by manipulating the electrical field. Finally, the flat matrix may be stacked, folded, wound and twisted to fabricate three dimensional scaffolds with various shapes such as sheets, tubes or threads [47] . The morphology of the fibrous matrix is influenced and controlled by the polymeric solution parameters (viscosity, conductivity, surface tension), processing parameters (electric field, distance between the spinneret and the collector, flow rate and spinneret diameter) as well as ambient parameters (temperature, humidity). Indeed, the polymer nature determines the rate of degradation, while the solution and processing parameters determine the nanofibre diameter and the amount of polymeric beads that may be formed along the fibre [5] .
Thermally-induced phase separation (TIPS) is a relatively simple procedure with very minimal requirements in terms of equipment. The TIPS approach allows for great processing flexibility with overall shape and pore structure control, as well as allowing for the design of extracellular matrix-like nanofibres ranging from 50-500 nm. Moreover, TIPS can be combined with other techniques to create simultaneous nano-and macro-architectures through the formation of macroporosity in the nanofibrous matrix, and to fabricate nanofibrous hollow microspheres without the need for a template [48] [49] [50] . The TIPS method involves five basic steps: polymer dissolution, liquid--liquid phase separation process, polymer gelation, solvent extraction, and eventually freezing and freeze-drying under vacuum ( Figure 2 ). TIPS is based on the thermodynamic instability of a homogenous solution of polymer in solvent which, by cooling the solution below the polymer glass transition temperature, will spontaneously separate into two phases: polymer-rich and polymer-lean phases. Upon extraction and freeze drying, the polymer-rich phase solidifies to form the polymer skeleton and eventually leaves behind a solid polymeric scaffold whose morphology is affected by processing variables such as the polymer nature, concentration, solvent, and temperature. Therefore under the right conditions, nanofibrous scaffolds may be developed. Actually, gelation is the step that controls the porous morphology since low gelation temperature leads to nanoscale-fibre scaffolds, whereas high gelation temperature leads to a platelet-like structure due to crystal nucleation and growth. However, the fibre average diameter is not significantly affected by gelation conditions or polymer concentration [5] .
Self-assembly involves the spontaneous organisation of individual molecules into an ordered structure or pattern through non-covalent interactions such as hydrogen bonding, van der Waals forces, electrostatic forces, or hydrophobic forces ( Figure 2) . The goal of self-assembly is the formation of thermally stable protein-like molecular architectures, through the creation of nanofibres from synthesised small molecules and oligopeptides with a well-defined chemistry. For instance, oligopeptides consist of alternating hydrophilic and hydrophobic amino acids forming stable β-sheet structures. When an aqueous peptide solution is added to a physiological salt-containing solution, β-sheets pack together to form double-layered β-sheet nanofibres, without the need for temperature changes [51] . Self-assembly is a simple process for nanofibre fabrication. It can also be used to easily encapsulate cells in a hydrogel and can be used in an injectable form for in situ scaffold formation. Control of self--assembly in the design of nanofibres is carried out by switching the pH, through the introduction of divalent ions, and by varying the temperature and the concentration. However, self-assembly is limited by the choice of molecules whose synthesis is time-consuming and quite expensive. Self-assembly also leads to nanofibres in a gel-form, while electrospinning and TIPS give nanofibres in a dehydrated-form. Moreover, the self-assembly process does not easily allow for the control of pore size and shape within the hydrogel, and leads to small fibre diameters in comparison to those fabricated by other techniques. Indeed, individual fibre diameters are around 10-20 nm, and fibre lengths can only reach several micrometers [49] .
Properties
The process and the processing parameters have a significant effect on the geometric properties of the nanofibres obtained, which determine the physical and mechanical properties of the polymeric materials. Some examples of polymers and solvents used for designing nanofibres by electrospinning and TIPS, associated to the fibre diameters, are given in Table 1 . Electrospun nanofibre diameters may be increased by increasing the flow rate, the spinneret tip diameter and its distance from the collector, and decreasing the voltage and the solution charge density. Moreover, the viscosity of the solution impacts on the uniformity of the bead-free nanofibres [52] . Indeed, there is an optimal feed solution viscosity for electrospinning since no continuous fibres may form at very low viscosity, whereas the ejection of jets from highly viscous polymer solutions is very difficult. In the optimal range, a more viscous feed solution, due to the higher polymer concentration and molecular weight, leads to larger and more uniform fibre diameters with a reduction in the number of beads along the fibres [53] . For instance, PCL/PLLA nanofibres electrospun from a chloroform/methanol solution had dense bead structures with a smaller diameter for low concentrations of PCL/PLLA, in comparison with a concentration of 11 w/v % which resulted in fibres almost four times larger with bead-free structures (Table 1) [54]. Van der Schueren et al. have demonstrated the importance of the solvent during the electrospinning process. Indeed, different solvents lead to different polymer solution surface tensions, and a high surface tension tends to inhibit the electrospinning process. For instance, using chloroform as the solvent led to uniform PCL fibres in the microscale range, while the binary system of formic acid / chloroform resulted in smaller fibres in the nanoscale range with noticeable beads. When using the formic acid / acetic acid system, the number of beads drastically decreased (Table 1 ). The composition of the binary system also impacted on the eventual fibre diameter. By increasing the amount of acetic acid from 10 v% to 80 v%, the average fibre diameter showed a minor increase (from 545 to 662 nm), though this was associated with a large increase in the standard deviation (from 80 to 420 nm). This trend was attributed to changes in the solution conductivity [55] . Porous nanofibres can also be fabricated by inducing phase separation between the polymer and the solvent, which can be induced through temperature reduction or by using a highly volatile solvent [56, 57] . Finally, the composition of fibres can be easily tailored by using different polymers, composite materials and encapsulations during electrospinning, which may also lead to changes in the nanofibre diameters. Khatri et al. have demonstrated that the fibre diameter decreased from 860 to 715 nm with increasing PLLA ratio in PCL/PLLA blends [58] . When magnetite nanoparticles were encapsulated into the PCL nanofibres during the electrospinning process, the nanofibre diameter decreased from 864 nm to 202 nm through the inclusion of up to 15 % of magnetite nanoparticles, which can be attributed to changes in the solution electrical conductivity and viscosity. Nevertheless, the addition of 20 % of magnetite nanoparticles increased abruptly the fibre diameter to 664 nm. This phenomenon was explained by the agglomeration of magnetite nanoparticles resulting in a too high solution viscosity and a low electrospinnability [59] .
The nanofibrous structure is also affected by the processing parameters when using the TIPS method for nanofibrous scaffold preparation (Table 1) . The solvent and the gelation temperature have a huge impact on the morphology of the foam. Indeed, if the polymer / solvent mixture is cooled fast to a low temperature that allows the solvent to freeze into a solid state, a solid-liquid phase separation will take place instead of the liquid-liquid phase separation. As a consequence, channel and ladder-like features are observed instead of nanofibrous networks. However, when the polymer / solvent mixture is appropriate, nanofibrous structures are obtained even at low gelation temperatures. Ma et al. have demonstrated the peculiarity of the PLLA/THF system, where nanofibrous scaffolds were obtained only with temperatures of below 15 °C [60] . Li et al. reported that THF and DMF could not produce PHB nanofibrous structures, while nanofibrous scaffolds were obtained by using a chloroform / dioxane mixture and gelation temperature of below 4 °C [61] . Moreover, the authors have found that the average fibre diameter was not affected by the gelation temperature; however the interfibre spacing, which can be related to the fibre length / fibre diameter ratio, decreased and became more uniform at lower gelation temperatures. The same trend is observed when the polymer concentration was increased [60, 61] . In this way, the porosity of the scaffold may be controlled.
Mechanical characterisation of nanofibres and nanofibrous scaffolds is crucial for tissue engineering applications because the scaffold must provide a mechanically stable support for cell development, and must be able to withstand the forces exerted by growing tissues and physiological activities. Some mechanical properties of polymeric nanofibres and nanofibrous scaffolds obtained by electrospinning and TIPS are given in Table 2 . The values are different from those obtained in equivalent bulk materials [27] . Indeed for fibre-based materials, the mechanical properties are affected by the polymer molecular weight, morphology, crystallinity, as well as the material size and shape such as porosity, pore area and fibre size, density and orientation [44] . For instance, when electrospun fibre-based materials are developed with aligned fibres, the modulus and the tensile strength increase and the mechanical behaviour becomes anisotropic in comparison to randomly arranged fibres [62, 63] . The fibre size also affects the mechanical properties as a reduction in the size improves the orientation and decreases the quantity of defects in the structure. As a consequence, a higher modulus and strength are generally obtained. The mechanical behaviour of electrospun fibre-based materials may also be tailored by: applying thermal post-treatments, using polymer blends, crosslinking the fibres, modifying the fibre surface, as well as encapsulating nanoparticles [44] . Ramier et al. have demonstrated that the incorporation of hydroxyapatite nanoparticles within PHB nanofibres increased the elastic modulus and the tensile strength by 67 % and 51 %, respectively. In contrast, when the hydroxyapatite nanoparticles were sprayed over the PHB nanofibres during the electrospinning process, the mechanical properties drastically decreased. This can be attributed to the higher porosity of the scaffold due to weaker interactions between the fibres and the hydroxyapatite nanoparticles [18] . Nanofibrous scaffolds obtained by TIPS exhibit significantly better mechanical behaviour than solid-walled porous scaffolds [50] . Moreover, the mechanical properties can be tailored by using polymer blends and by varying the polymer concentration in the gelling solution [60, 61] . Indeed, an increase in the polymer concentration leads to a higher network density associated with lower porosity. As a consequence, the Young's modulus and the tensile strength both increase [60] . The physical properties of the nanofibrous scaffolds are crucial as they influence the degradation behaviour of the material as well as the biological properties. Indeed, it was found that the fibre diameter influences the cell spreading proliferation, migration and differentiation [40, 64] . Cells migrate poorly into small-diameter fibre scaffolds and readily penetrate into large--diameter fibre scaffolds. However, cells are restricted to spreading along single fibres for large-diameter fibres, whereas cells are guided by the underlying fibrous matrix for small-diameter fibres. As a consequence, cell differentiation is more extensive on fibres with smaller diameters. Moreover, cells are also affected by the fibre alignment. Since cells adhere and elongate along the fibre axis, a more organised deposition of extracellular matrix is obtained in aligned fibre-based scaffolds. As a consequence, the resulting tissues possess higher stiffness and modulus in comparison with tissues formed by cells seeded onto random fibre-based scaffolds [64] . Finally, cells have a higher proliferation rate on scaffolds that are more stable because scaffolds lose their porosity and structural integrity when degrading, thus preventing cell adhesion and ingrowth [65] . The degradation behaviour of macroscale degradable polymers has been comprehensively studied and was found to depend on a wide range of parameters, such as the polymer composition, molecular weight, crystallinity, porosity, material size and shape. However, it is important to note that the degradation rate of polymers is different between the bulk material and the nanofibre-based scaffolds. For some polymers, the degradation rate of larger structures is faster than that of nanofibres due to autocatalysis in larger structures [66] . Nevertheless, the hydrolytic degradation was found to be much more rapid for nanofibrous scaffolds obtained by TIPS in comparison to solid-walled scaffolds, even if the wettability in the nanofibrous scaffold is smaller because of small interfibre spacing and the large amount of relatively-hydrophobic surface area. Indeed, the high amount of surface area offers more available sites for polymer hydrolysis. Besides, fibre aggregation occurs during the degradation leading to a decrease in the surface area of the nanofibrous scaffolds, which consequently induces a reduction in the degradation rate with time [67] . Fibre aggregation during degradation is also observed for electrospun nanofibres that are prepared from polymers with glass transition temperatures lower than the degradation temperature. For some polymers, the degradation results in fibre swelling. The fibres may also change from smooth and straight to coil and wavy [65] . For rigid and crystalline polymers associated with slow degradation rates, the fibres tend to break along the fibre axis and the broken ends are more susceptible to hydrolytic attacks [68] . Some attempts to reduce the degradation rate have led to the design of nanofibres with various polymer blends as well as composite nanofibres with encapsulated apatitic nanoparticles. Indeed, Ji et al. demonstrated that the incorporation of apatite nanoparticles within PLGA/PLC electrospun fibres had a buffering effect as the nanoparticles neutralised the acidic degradation products that are generated upon polymer degradation, hence slowing down the scaffold degradation [69] .
Applications of nanofibrous materials
The ultimate goal of tissue engineering approaches is to successfully repair and restore the function of damaged or diseased tissues. An important feature of tissue engineering is the design of polymeric scaffolds that may be used as carriers for therapeutic cell delivery to the defect region, or may act as space fillers that would recruit surrounding cells and allow tissue development. As a consequence, compelling requirements have been identified for scaffold design: (1) biocompatibility and biodegradability with an appropriate degradation rate; (2) adequate morphology; (3) multi-scale interconnected porous structure; (4) optimal mechanical strength; (5) surface properties that could regulate appropriate cell activities [82] . Various scaffolds have been prepared using many different methods including particulate leaching, textile technologies, and phase separation [83] . Although these scaffolds exhibit certain advantages, their pore sizes and fibre diameters are often micron-scale, far from the natural nano-scale of extracellular matrix. As a consequence, cells attach and spread in a flatten pattern and still exhibit a two dimensional topography, similar to if they had been cultured on 2D flat surfaces [84] . In addition to the architectural similarity with natural extracellular matrix, nanofibrous and nanofibre-based scaffolds can absorb more proteins due to their high surface area and porosity, and therefore present more binding sites to cell membrane receptors. As a consequence, they may enhance cell adhesion and provide an excellent micro/nano environment for cell proliferation and activity [85] . Since a number of natural and synthetic biodegradable polymers have been successfully fabricated as nanofibres, nanofibrous scaffolds have been explored for many tissue engineering applications. Thus, they have been investigated for use in bone regeneration as well as soft tissue regeneration, such as for the regeneration of cardiovascular tissue, cardiac grafts, nerve, cartilage, ligament and skin [5, 42, 86] . Therefore, numerous studies have investigated the behaviour of various cells, including cardiomyocytes, chondrocytes, keratinocytes and stem cells seeded over nanofibrous materials [61, 65, 85, 87] . In wound healing applications, nanofibre-based materials possess many advantages. Indeed, they help generate dressings with good oxygen permeation, sufficient drainage of wound exudates, and facilitate the protection of the wound from infection and dehydration. Moreover, they may accelerate the healing process by promoting the migration of cells on the wound surface, and may also reduce wound contraction leading to a decrease in patient morbidity [77, 85] . Finally, due to the ease of nanoparticle incorporation within the nanofibres, antimicrobial wound dressings may be further developed [70] .
Polymeric nanofibres may also be used to encapsulate and deliver bioactive hydrophilic and hydrophobic molecules for therapeutic applications. The solubility and compatibility of the drug in a drug/polymer/solvent system are decisive factors for the elaboration of nanofibrous carriers, since the system is aimed to deliver a sufficient amount of a drug for an adequate period of time and has to avoid the degradation of drugs during the fabrication process [88] . A wide range of therapeutic molecules, including drugs, proteins, genes and growth factors, have been successfully encapsulated within fibre structures, physically coated or chemically attached on their surfaces [89, 90] . For instance in the electrospinning process, drug loading can be achieved through various techniques such as; post-spinning modifications that prevent the drug from exposure to the electrospinning process; direct electrospinning of drug/polymer blends that boasts the advantage of being a single-step method; and co-axial or emulsion electrospinning which can be used to develop core--shell morphologies that contribute to prolonged release [47] . Compared with other formulations, electrospinning also offers a high loading capacity. As a matter of fact, the high surface area of nanofibres allows for fast and efficient solvent evaporation limiting drug crystallisation, and therefore leading to the formation of amorphous dispersions. Moreover, due to the flexibility of the nanofibre processing, a variety of fibre compositions, porosities and structural architectures may be developed in order to control the drug eluting profiles and to meet the needs of the targeted physiological environment. Indeed, the release mechanism is highly dependent on the distribution of the drug molecules in the fibres as well as the fibre morphology. In this way, the drug release pattern can be tailored by varying the drug travelling distance and diffusion pathway, which are directly related to the polymer degradation mechanism and the drug/polymeric matrix affinity [90] . The principal advantage of nanofibrous carriers over cast-films is the increased drug release, prolonged availability and site-specific delivery into the body, thus achieving high local bioactivity and low systemic side effects. Furthermore, simultaneous administration of multiple drugs may be achieved by encapsulating various therapeutic agents within the same nanofibrous carrier. To ensure the independent controlled release of each drug, sequential electrospinning has been developed to obtain multilayered membranes consisting of various drugs and basement nanofibres [88] . It has also been demonstrated that the encapsulation of drugs into nanospheres which have been subsequently incorporated within nanofibrous scaffolds, reduces the burst release and allows for drug delivery over a prolonged duration [45] . Biodegradable polymeric nanofibre-based carriers can be applied for the prevention of postsurgical adhesions and infections, local chemotherapy, transdermal drug delivery, and tissue engineering [45, 47] .
POLYMERIC NANOPARTICLES
Polymeric nanoparticles (PNPs) are defined as particulate dispersions or solid particles of 10-1000 nm in size. Within these PNPs, therapeutic agents (such as drugs, DNA, proteins, etc.) as well as fluorescent labels can be dissolved, entrapped, encapsulated or can be attached to the nanoparticle matrix. Two conformations of polymeric nanoparticles are known to exist (Figure 3 ). The term "nanocapsule" is used when the polymer forms a core, in which a molecule of interest can be entrapped. The other common structure is called nanosphere and refers to a nanoparticle made of entangled polymer chains in which the molecule of interest is present. It is important to note that the molecule can also be absorbed or covalently attached onto the surface of the nanoparticles. 
Advantages and applications of polymeric nanoparticles
There has been considerable research interest in using particulate delivery systems as carriers for small and large molecules in drug delivery. Particulate systems, such as nanoparticles, have been used as a physical approach to alter and improve the pharmacokinetic and pharmacodynamic properties of various types of drug molecules. Indeed, the nanometre-size promotes effective permeation through cell membranes and stability in the blood stream. Polymeric nanoparticles have been extensively studied as particulate carriers in the pharmaceutical and medical fields, because they show promise as drug delivery systems. This potential can be attributed to a number of factors including: their controlled and sustained release properties [91, 92] , subcellular size, which allows for relatively higher intracellular uptake compared to other particulate systems [93] , possible improvement of the active substance stability [94] , and biocompatibility with tissues and cells when synthesised from materials that are either biocompatible or biodegradable [95] . Polymers are very convenient materials for the manufacture of countless and varied molecular designs that can be integrated into unique nanoparticle constructs with many potential medical applications [12] . Other advantages of nanoencapsulated systems as active substance carriers include: high drug encapsulation efficiency due to optimised drug solubility in the core, low polymer content compared to other nanoparticulated systems such as nanospheres, drug polymeric shell protection against degradation factors such as pH and light, and the reduction of tissue irritation due to the polymeric shell (Scheme 1) [96, 97] . As a consequence, PNPs have been extensively studied as drug carriers in the pharmaceutical field [98, 99] and different research teams have published reviews about the nanoparticle formation mechanisms [91] [92] [93] [94] [95] [96] [97] [98] [99] [100] [101] , the classification of nanoparticulated systems [98] , and the techniques employed for the preparation of nanocapsules [96, 102] .
Molecule of interest
Polymer Scheme 1. Advantages of polymeric nanoparticles (PNPs)
Methods for nanoparticle preparation
The properties of PNPs have to be optimised in accordance with the particular application. In order to achieve the properties of interest, the mode of preparation plays a vital role. Thus, it is highly advantageous to have appropriate preparation techniques at hand in order to obtain PNPs with the desired properties for a particular application. Several methods have been developed with nanoparticle sizes generally ranging in the scale of 100-500 nm [100] . These techniques are classified according to whether the particle formation involves a polymerisation reaction or a direct arrangement of pre-formed polymers and a desolvatation of macromolecules [102] [103] [104] . The polymerisation methods can be further classified into emulsion and interfacial polymerisation, and there are two types of emulsion polymerisation -organic and aqueous -depending on the continuous phase. The availability of different synthetic approaches allows for considerable flexibility in the preparation and functionalisation strategy of multifunctional PNPs.
Self-assembly
Due to their unique chemical structures, amphiphilic (co-)polymers tend to self-assemble into nano-aggregates in aqueous solution [105, 106] . To obtain PNPs containing active organic substances, a mixture of amphiphilic (co-)polymers and organic active substances is firstly dissolved in a ''good'' solvent and then quickly added to an excess amount of a ''poor'' solvent. Thus, the hydrophobic segments of the polymer tend to aggregate and encapsulate the organic substance in the core, while the hydrophilic polymer segments act as a shell to stabilise the PNPs. Moreover, upon conjugating the active organic substance to the hydrophobic ends or side chains of the amphiphilic (co-)polymer, the polymer-substance conjugates form nanoparticles with the organic active substance embedded and anchored in the polymeric matrix. Additionally, the polymer hydrophilic segments could be decorated with functional groups for further conjugation with specific targeting moieties to cater to versatile biological tasks.
Polymerisation
In a typical polymerisation method, the organic solvent, containing monomers and organic active substances, is uniformly dispersed into stable and small oil droplets in the presence of an emulsifier in an aqueous solution through ultrasonification. The polymerisation of monomers in oil droplets starts with the addition of initiators into the emulsion to yield organic nanoparticle dispersions ( Figure 4 ). Further solvent evaporation results in well-dispersed PNPs. In this method, the organic substance can be either reactive or nonreactive to the monomers during polymerisation [107, 108] . 
Emulsification / solvent evaporation
Emulsification-solvent evaporation involves two steps ( Figure 5 ). The first step requires emulsification of the polymer solution into an aqueous phase. To do so, the polymer organic solution containing the dissolved drug is dispersed into nanodroplets, using a dispersing agent and high-energy homogenisation, in a non-solvent or suspension medium such as ethyl acetate. During the second step, polymer solvent is evaporated by increasing the temperature under pressure or by continuous stirring, inducing polymer precipitation in the form of nanospheres [109] . When the solvent is added into the emulsifier--containing aqueous solution under ultrasonication or vigorous stirring, small organic droplets are stabilised by the emulsifier to generate a homogeneous oil-in-water emulsion. After organic solvent evaporation, a stable suspension of PNPs in water is obtained and the nanoparticles surfaces can be used for further functionalisation. However, this method can only be applied to liposoluble drugs, and limitations are imposed by scale-up of the high energy requirements in homogenisation. Frequently used polymers in this method are PLA, PLGA, PCL, and PHB. Drugs or model drugs encapsulated in this way include: albumin, texanus taxoid, loperamide, pranziquantel, cyclosporin A, nucleic acid and indomethacin. 
Nanoprecipitation
Nanoprecipitation is also known as the solvent displacement method. It differs from emulsion in organic solvents since it involves the precipitation of a pre-formed polymer from an organic solution and the diffusion of the organic solvent in an aqueous medium, in the presence or absence of a surfactant [109] . Using PLA as an example, PLA is dissolved in a water-miscible solvent of intermediate polarity and this phase is subsequently injected into a stirred aqueous solution containing a stabiliser surfactant. Polymer deposition on the interface between the water and the organic solvent, caused by fast diffusion of the solvent, leads to the instantaneous formation of a colloidal suspension [110] . To facilitate the formation of colloidal polymer particles during the first step of the procedure, phase separation is performed with a totally water--miscible solvent that is also a non-solvent of the polymer [111] . The solvent displacement technique allows for the preparation of nanocapsules when a small volume of non-toxic oil is incorporated into the organic phase. Considering the oil-based central cavities of the nanocapsules, high loading efficiencies are generally reported for lipophilic drugs when nanocapsules are
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Stabiliser in water prepared. Furthermore, hydrophilic segments of the polymeric matrix orient into the aqueous phase and facilitate further functionalisation of the PNPs. However, the usefulness of this simple technique is limited to water-miscible solvents, in which the diffusion rate is enough to produce spontaneous emulsification [110] . Moreover, even though some water-miscible solvents produce certain instability when mixed in water, spontaneous emulsification is not observed if the coalescence rate of the droplets is sufficiently high. Finally, this method is only practically applicable to lipophilic drugs because of the miscibility of the solvent with the aqueous phase, therefore it is not an efficient means to encapsulate water-soluble drugs. This method has been applied using various polymeric materials such as PLGA, PLA, PCL, and poly(methyl vinyl ether-comaleic anhydride) [112] [113] [114] [115] . It has been well adapted for the incorporation of cyclosporin A, with entrapment efficiencies as high as 98 % reported [116] . It can also be used for the preparation of highly loaded nanoparticulate systems based on amphiphilic h-cyclodextrins to facilitate the parenteral administration of the poorly soluble antifungal drugs Bifonazole and Clotrimazole.
Salting-out
Salting-out is based on the separation of a water miscible solvent from aqueous solution via a salting-out effect. The salting-out procedure can be considered as a modification of the nanoprecipitation process. The polymer and drug are initially dissolved in a solvent such as acetone, which is subsequently emulsified into an aqueous gel containing the salting-out agent (electrolytes such as magnesium chloride, calcium chloride, and magnesium acetate, or non-electrolytes such as sucrose) and a colloidal stabiliser such as poly(vinylpyrrolidone) (PVP) or hydroxyethylcellulose. The selection of the salting-out agent is important because it can play an important role in the encapsulation efficiency of the drug (Table 3) . Stirring causes the dispersion of the solvent as irregular sized globules in equilibrium with the continuous phase, and the stabiliser is absorbed on the larger interface; further homogenisation results in smaller globules. The oil-in-water emulsion is diluted with a sufficient volume of water or aqueous solution to enhance the diffusion of acetone into the aqueous phase, thus inducing the formation of nanospheres. The addition of water and the heating step destabilises the equilibrium and causes the diffusion of the organic solvent to the external surface. During the transport of the solute, PNPs are produced with sizes ranging from 100-200 nm. A heating step also encourages the production of a final suspension free of organic solvent which is more uniform in size. Both the solvent and the salting-out agent are then eliminated by cross-flow filtration [96] . To remove the non-encapsulated drug, the PNP suspension is generally filtered and ultracentrifuged followed by re-suspension in an adequate volume of water. The salting-out process has been used in the preparation of biodegradable PNPs with high efficiency and is easily scaled up. The main advantage of salting-out is that it minimises stress to the protein encapsulants [57] . It does not require an increase of temperature and therefore may be useful when heat sensitive substances have to be processed [117] . Moreover, the amount of drug encapsulated into the PNPs can be modulated by varying various parameters such as drug concentration, rate, temperature, and the nature of the polymer ligands. Some studies have suggested that drug loading can also be increased by varying the pH value of the solution [118, 119] . The greatest disadvantages are exclusive application to lipophilic drugs and the extensive nanoparticle washing steps [120] . 
Examples of nanoparticles obtained from biodegradable synthetic and natural polymers
Chitosan-based nanoparticles have been widely developed to encapsulate proteins such as bovine serum albumin, tetanus and diphtheria toxoid vaccines, anticancer agents, insulin, and nucleic acids [121] . Chitosan enhances the absorption of peptides such as insulin and calcitonin across the nasal ephithelium. The methods proposed to prepare chitosan-based nanoparticles are based on the spontaneous formation of complexes between chitosan and polyanions or the gelation of a chitosan solution dispersed in an oil emulsion. The nanoparticles obtained by formation of the spontaneous complex have smaller diameters (200-500 nm).
Collagen has been widely used as a biomaterial for years due to its promising biocompatibility, low antigenicity and biodegradability [122] . Although collagen forms hydrogels without the use of chemical crosslinking, nanoparticle preparation needs additional chemical treatments due to weak mechanical strength. For instance, collagen nanoparticles are often prepared by electrostatic interactions with sodium sulfate employed as a desolvating agent [123] . A recent study reported on the preparation of collagen-based nanoparticles (340 nm) with methods using lipid vesicle cages, which allow for the control of both the particle dimensions and the gelling environment during the collagen polymerisation [123] . Due to the ease of particle size control, their large surface area, high adsorption capacity and dispersion ability in water, collagen-based nanoparticles can be applied for the sustained release of various drugs.
Gelatin solutions undergo a coil-triple helix transition followed by aggregation of the helices, enabling the formation of nanoparticles. Moreover, the high number of functional groups on the polymer backbone can be used for chemical modification such as for crosslinking and the addition of ligands. Thus, gelatin is a much used biopolymer in the production of nanoparticles to be used as delivery carriers. A number of methods have been reported to prepare gelatin-based nanoparticles including desolvation (a thermodynamically driven self-assembly process), emulsion and crosslinking with poly(ethylenimine) and glutaraldehyde, nanoprecipitation, coacervation, and the grafting of hydrophobic anhydrides to the amino groups of primitive gelatin to form self-assembled micelles [109, [124] [125] [126] . Emulsified gelatin droplets can also be hardened by cooling the emulsion below the gelation point in an ice bath, resulting in gelatin-based gelled nanodroplets which can be subsequently cross-linked with formaldehyde [127] . The particle sizes range from between 100-600 nm with a mean of 280 nm, and crosslinking can significantly increase the particle size. This technique is useful for heat sensitive drugs; however, a number of drugs can be undesirably covalently bound to the gelatin during the formaldehyde treatment. Furthermore, a significant disadvantage of the crosslinking agent relates to its toxicity, and this point must be carefully considered.
The PLGA-based nanoparticulate system is one of the most successful and interesting colloidal systems. Indeed, PLGA nanoparticles protect the therapeutic agents, increase their stability and can be used for the controlled delivery of therapeutic molecules with improved pharmacokinetic and pharmacodynamic profiles. However, PLGA nanoparticles suffer from a significant limitation due to their high level of opsonization by the reticuloendothelial system (RES) [128] . To address this negative aspect, several methods and procedures have been utilised for the surface modification of PLGA nanoparticles in order to produce PLGA-based nanoparticulate systems which are not readily recognised by RES. This goal has been achieved by coating the surface of the nanoparticles with more hydrophilic agents to cover the hydrophobic surface and to provide stealth nanoparticles. Moreover, in some applications such as bone tissue engineering, there is a need for a resorbable polymeric systems with sufficient strength and toughness. It is most likely that a single phase system would not possess all the necessary material characteristics, and hence modifications of the polymer matrix may be needed to modulate the properties of the composite and generate the required bioactive material. However, separation at the composite filler-polymer interface suggests that bonding between all of the components of a multi-phase system is required to obtain a mechanically and thermally stable material. In this context, the development of PLGA--hydroxyapatite (nHAP) nanoparticles functionalised by collagen is a promising approach [129] . This synthesis is carried out in several steps. In the first step, the ring-opening polymerisation of D,L-lactide and glycolide monomers is initiated by hydroxyapatite nanoparticles. Thereafter, the polymerisation product is activated for collagen attachment ( Figure 6 ). 
SURFACE MODIFICATION
Polymeric nanoparticles, nanofibres and nanofibrous scaffolds have been developed for a variety of applications in the medical field, such as for tissue engineering and for the delivery of bioactive molecules. However, while the biodegradability and bulk properties may match the needs of the intended application and generally motivates the polymer choice, the inert nature of synthetic biodegradable polymers may not facilitate the attachment of bioactive compounds and can lead to a lack of biological recognition. For instance, the surface chemical nature plays a vital role in tissue engineering because it impacts on the biological response [130] . To develop nanoparticles, nanofibres and nanofibrous scaffolds as useful nanobiomaterials, it is essential to tailor their surface properties and therefore a variety of approaches leading to high functionalities have been developed as post-treatments [49, 89, 131, 132] . Consequently, surface-functionalised nanomaterials allow for coupling with a wide range of biological and therapeutic molecules that may be released in a timely and proper manner or that may provide bio-modulating or biomimetic microenvironments for cells and tissues [89] .
Surface modification of nanofibrous scaffolds
In the biomaterial field, a variety of approaches have been proposed to change the polymer surface: introduction of polar groups by surface treatment, adsorption of biomolecules, and the covalent immobilisation of bioactive compounds [89, [133] [134] [135] [136] [137] [138] . In theory, any techniques used for the surface modification of polymeric biomaterials may be applied to polymeric nanofibres and nanofibrous scaffolds, as long as the process does not degrade the polymer nor changes its nano-features.
Simple physical adsorption is the most straightforward and convenient method to immobilise bioactive agents, such as enzymes, proteins, growth factors and drugs, onto a polymeric surface. In this technique, electrostatic interactions, hydrogen bonding, hydrophobic interactions, or van der Waals interactions are the driving forces leading to the surface adsorption. The efficiency of the adsorption may be enhanced by surface treatments that modify the hydrophilicity of the materials, such as plasma treatment or wet chemical methods [131] . Although it is the simplest approach to functionalisation, the control over the bioactive agent retention is limited, and conformational change and loss of bioactivity may take place when immobilising proteins [49, 133] . However, non-covalent adsorption is sometimes desirable in drug delivery applications. For instance, postsurgical anti-adhesion barriers are biomaterials that physically separate the wound site from an adjacent organ or tissue, and concomitantly deliver infection preventing antibiotics. Consequently, a rapid drug release profile is highly desirable [89] . Another way to physically immobilise charged therapeutic molecules is the use of layer-by-layer assembly. In this method, polyanions and polycations are alternately deposited on a charged polymer surface, resulting in a multilayer coating in which the drug is encapsulated. This functionalisation technique is easy to implement and can be used with a wide compositional range of the coating layer. However, it is not applicable to uncharged drugs and the release profile is influenced by the thickness of the coating [89] .
In contrast with physical adsorption, covalent immobilisation provides a stable bond between the bioactive compound and the polymer surface, and therefore provides a more efficient coating, extends the bioactive agent retention, and may prevent its metabolism [133] . Prior to the biomolecule covalent immobilisation, the generation of reactive functional groups on the polymer surface is necessary. This may be achieved by various wet chemical or plasma treatments. For instance, carboxylic acid and amine groups can be generated with oxygen, ammonia, or air plasma treatments [132] . They also may be generated on biodegradable polyesters through hydrolysis with sodium hydroxide and aminolysis with a diamine, respectively [136, 137, 139, 140] . However, strong reaction conditions should be avoided to ensure maintenance of nano-feature and polymer. Subsequently, after activation of the functionalised polymer surface, the biomolecule is tethered directly or through the use of a linker molecule. A variety of conjugation techniques have been developed [133] . Covalent bonding and physical adsorption may also be combined. For instance, various methods have been considered to covalently attach heparin onto polymeric scaffolds for tissue engineering applications. Afterwards, growth factors can be bound to heparin with preservation of their stability and biological activity through the retention of their native conformation [137, 141] . In another example, hydroxyapatite was coated onto nanofibrous biodegradable polyester (PLA or PCL) surfaces [131, 139] . In a first step, the nanofibres surface was activated in an alkaline solution in order to generate carboxylic acid groups. In a second step, the nanofibrous material was dipped in Ca and P-rich solutions and finally, immersed in simulated body fluid. The mineralization occurs through the carboxylic acid groups that chelate calcium ions and initiate the mineral nucleation. The coating can be tailored by varying the incubation time and the simulated body fluid composition. In the end, the mineralised polymer exhibited higher osteoblastic responses (cells adhesion and growth) with better expression of the bone extracellular matrix genes than those on unmodified nanofibres. These new nanofibrous materials have potential as bone regeneration membrane [139] .
The cost and the control for the covalent immobilisation of biomolecules remains a critical step for controlling the cell response. Moreover, the covalent bonding may partially inactivate the bioactive compound. Therefore, the introduction of multi-functional groups is an easier way to change the charge or the chemical composition surface of a polymer, and therefore to tune the rearrangements of proteins that adsorb from the cell culture serum onto the polymer surface and to modulate the ultimate cell response [142, 143] . With this in mind, surface graft polymerisation is a simple, effective, and versatile approach with a wide range of possibilities in terms of functionalisation and composition due to the vast choice of monomers available. Moreover, multifunctional groups can be introduced with a high density without modifying the polymer bulk properties. Surface graft polymerisation can be initiated by various techniques, such as plasma discharge, ultraviolet light, ozone oxidation, γ-rays, electron beams, and Cerium IV treatment [144] . Again, the processing conditions should be carefully controlled to ensure the polymer and nano-feature integrity is maintained. Furthermore, to confer surface hydrophilicity and provide functional groups for the subsequent immobilisation of bioactive compounds, surface graft polymerisation can also be used to covalently attach bioactive polymers, such as poly(sodium styrene sulfonate), which is known to influence protein adsorption and cell response [138, 145] .
Coupling strategies for the biofunctionalisation of nanoparticles
The association of one or more biologically relevant molecules at the interface of nanoparticles defines a nanoparticle-bioconjugate with biological activity such as selective binding. Biomolecules of interest may include one or more of the following:
• Peptides, proteins, and antibodies
• Enzymes and ribozymes
• Oligonucleotides and aptamers
• Carbohydrates
• Lipids
• Drugs or other biologically active small molecules
The interest in these bioconjugate materials arises from the combination of nanoscale size with the nearly infinite diversity of physical properties and chemical functionality that can be obtained through organic chemistry. Indeed, PNPs can be designed to:
• Carry molecular cargo externally or internally
• Carry hydrophilic or hydrophobic cargo
• Release cargo gradually
• Exhibit "smart" physicochemical responses to environmental stimuli (e.g., pH, thermal response)
• Evade the reticuloendothelial system and other immune responses
• Biodegrade
• Target different tissues or cell types
These different properties are tailored through the selection of the chemical composition of the PNPs. Bioconjugates of polymer and amphiphile nanoparticles are typically prepared to assist targeting, with antibody conjugates being particularly common. While there is no characteristic surface chemistry due to the diversity of materials, the introduction of carboxylic acid or amine groups into the polymer / amphiphile composition for bioconjugation is routine. Overall, the bioconjugation chemistry of PNPs is generally dictated by the functional groups associated with the material.
Methods of coupling
Various coupling methods have been widely studied ( Figure 7 ). Carbodiimide coupling is used to covalently link carboxylic acid to amine groups via formation of a ''zero length'' amide bond [146] . The key advantage of this procedure is that it involves no lengthy linker species, so that the hydrodynamic radius of the PNPs is minimised. The most common carbodiimide coupling strategy uses 1-ethyl-3-(dimethylaminopropyl) carbodiimide hydrochloride (EDC or EDAC) as the coupling agent, which has been applied for enzyme-to-PNP coupling with retention of up to 50-80 % of the enzymatic activity, depending on the enzyme [147, 148] (Figure 7-A) . The efficiency of the coupling reaction can be increased by stabilising the O-acylisourea intermediate by formation of the succinimide ester using N-hydroxysuccinimide (NHS) or sulfo-NHS. Bis(N-hydroxysuccinimide) can also be used without a carbodiimide activation agent, allowing for the conjugation of two amine moieties thanks to the two NHS ester groups [149] . When PNPs bear hydroxyl groups on the surface, the activated species may be directly coupled via a net dehydration reaction leading to ester linkages [150] . Maleimide may be used to conjugate primary amines to thiol groups as illustrated in Figure 7 -B [151] . The most commonly used maleimide-derived coupling reagent is sulfosuccinimidyl-4-(maleimidomethyl)cyclohexane-1--carboxylate (sulfo-SMCC). Maleimide coupling has been widely used to conjugate biomolecules such as DNA, herceptin and proteins [152] [153] [154] .
Another common route for bioconjugation is the Cu(I)-catalysed alkyne-azide cycloaddition reaction, also known as ''CuAAC'' or ''click chemistry'', which involves the coupling of an alkyne group to an azide moiety resulting in a 1,2,3-triazole ring as the strong covalent bond between the PNPs and the biofunctional agents (Figure 7-C) . This process has been demonstrated to be highly versatile since either alkyne or azide moieties can be expressed on the biofunctional agent, suitable for conjugation of a variety of species including small molecules. Combined with the variety of ligand head groups available for nanoparticle-ligand bond formation, this procedure has a lot of potential as a coupling approach for bioconjugation. Furthermore, the one-step click process has been shown to give the possibility of introducing multiple functionalities onto PNPs [155] .
Finally, charged PNPs may be coupled either with oppositely charged biological and polymeric species, or indeed to different oppositely charged nanoparticles (Figure 7 -D) [156, 157] . Some obvious examples of biological application are the coupling of negatively charged DNA or liposomes to positively charged PNPs [158, 159] . Moreover with careful tuning of the pH, it is possible to couple a variety of proteins, which can be cationic, anionic or neutral [160] . 
Polymers as conjugating agents on PNPs
Small molecules can be used as ligands to act as a sort of physical barrier preventing the nanoparticle cores from coming into contact with each other. This approach is associated with a very small increase in the nanoparticle hydrodynamic radius. However, care must be taken not to make the molecular shell too thin as this leads to an insufficient steric barrier, resulting in reduced nanoparticle stability and aggregation [112] . By contrast, polymers also make excellent ligands to surround nanoparticles and act as a substantial physical barrier, which leads to a higher hydrodynamic radius in comparison to using small ligands [128] . This effect is desirable for in vivo applications requiring a long circulation time, but disadvantageous if rapid diffusion to the extravascular space is required; essentially, size is a very important factor in the biodistribution of PNPs [161] . Indeed like small-molecule stabilising agents, the concentration of polymeric stabilisers may be used to control the nanoparticle core morphology [112, 159] .
There are many suitable polymeric ligands that enable water solubility, most of which are based on PEG and common carbohydrates such as starch, dextran and chitosan [102, 103, 121] . PEG is especially suitable for nanosystems requiring long circulation times in blood, as it reduces the degree of opsonisation and provides excellent long-term stability in high salt concentrations and pH extremes [162] . Moreover, PEG end chains can be modified to provide chemical functionality or ionic stabilisation, and allow for the selective attachment to nanoparticle surfaces and subsequent biofunctionalisation (Table 4 ) [156] . Therefore, PNPs decorated with different ligands could be used for therapeutical purposes. For instance, appropriate functionalisation of PNPs with targeting moieties could enable selective recognition and interaction with specific cancer cells. Indeed, the proper orientation of the targeting moiety can promote the antigen binding and the subsequent spontaneous cell internalisation.
Finally, nanoparticle surface charge can also have an important influence on their interaction with cells and on their uptake. Positively charged nanoparticles seem to allow for a higher extent of internalisation, due to the ionic interactions established between the positively charged nanoparticles and the negatively charged cell membranes [159] . Moreover, positively charged nanoparticles seem to be able to escape from lysosomes after being internalised and exhibit perinuclear localisation, whereas the negatively and neutrally charged nanoparticles prefer to colocalise with lysosomes. Nanoparticle surface charges can be modulated through functionalisation with polymeric ligands to facilitate a higher degree of internalisation. For instance, PLGA nanoparticles have negative charges which can be shifted to neutral or positive charges by surface modification with PEG or chitosan, respectively [12, 121] . 
CONCLUSION
After a presentation of the biodegradable polymers used in medical applications, this chapter gave an overview of the principal approaches that can generate nanofibres and nanofibrous scaffolds as well as nanoparticles. The choice of the method and the processing parameters are crucial for the control of the nanofibrous and nanoparticle architecture and size as well as their properties. Post-treatments and conjugations are often applied to modify the surface chemistry leading to functionalised materials with biological cues. Due to the annual growing of the global nanomaterial market, research and development at the material scale is still challenging for the production of new nanomaterials that could be used as biomimicking scaffolds and bioactive nanocarriers.
